1. Introduction {#s0005}
===============

As universal biological information storage entities, nucleic acids (DNA and RNA) are unique biorecognition molecules, and the detection of pathogen genomic DNA or RNA provides one of the most reliable methods for viral infectious disease diagnostics. Emerging and remerging infectious pathogens, such as Ebola, Middle East Respiratory Syndrome (MERS), West Nile, dengue and Zika viruses create a strong need for a low-cost, point-of-care (POC) diagnostic platform that would enable rapid and sensitive pathogen detection ([@bib44], [@bib50], [@bib8], [@bib33]). Early and accurate detection of viral infectious diseases is of crucial importance in preventing epidemic disease outbreaks as well as in improving the efficacy of POC diagnostic technologies ([@bib32], [@bib38]). In use since the early 1990s, quantitative real-time polymerase chain reaction (qPCR) amplification has been a gold standard in viral diagnostics ([@bib48], [@bib13]). While qPCR offers high specificity with low limits of detection, it and other similar existing diagnostic methods have their drawbacks, such as the use of expensive devices for repeated thermal cycling, specialized non-reusable reagents, the need for sensitive fluorescence detection optics, and laborious assay preparation steps requiring trained personnel ([@bib42]). For example, a typical qPCR will require highly trained technicians 4--8 h from sample preparation to completion using reagents such as specific TaqMan probes and matching master mixes with reverse transcriptase enzymes and DNA polymerase, costing up to hundreds of dollars per assay depending on sample number and origin. Consequently, such analytical methods do not align with the need for a rapid, inexpensive, highly specific and sensitive point-of-care platform ([@bib7], [@bib32], [@bib38]).

One of the cost-effective alternatives to PCR-based detection of pathogen genomic DNA relies on measurement of electrical property changes (resistance, capacitance, and complex impedance) due to DNA-DNA hybridization at probe-target binding sites without labeling. Such a sensing modality has been used successfully to detect specific DNA molecules in complex mixtures in a number of different assays, making it attractive for reliable classification of target DNA ([@bib3], [@bib41]; [@bib11]; [@bib5], [@bib25]). Electrode configuration and geometry can have a significant effect on sensor performance ([@bib35]). One of the widely used electrode configurations, especially for sensors measuring capacitance changes due to DNA-DNA hybridization (capacitive biosensors), is the interdigitated microelectrode. Microelectrodes are often made using modern photolithographic and deposition techniques on glass, silicon, or other solid substrates ([@bib2], [@bib15], [@bib35]). When they are tightly integrated with the back-end measurement circuits, they have significant advantages over conventional carbon-based electrodes ([@bib21]) for analytical measurements, such as low resistance, high signal-to-noise ratio, rapid attainment of steady state, and the use of small solution volumes ([@bib9], [@bib49], [@bib46]).

Operating modalities of biosensors using interdigitated electrodes (IDEs) can be non-faradaic ([@bib39]) or faradaic ([@bib6]). The biosensor presented in this paper operates in the non-faradaic mode based on changes in capacitance between interdigitated electrodes to indicate molecular binding events at the electrode surface. Biosensors operating in the faradaic mode are often based on electrochemical impedance spectroscopy (EIS) ([@bib10]; [@bib23]) by measuring electron transfer resistance and double layer capacitance within a frequency range. Comparing to capacitive biosensors, biosensors based on EIS have been widely explored for their ability to capture complex resistance changes due to binding events at biosensor\'s electrode sites. However, they are more complex from an electronics and experimental protocol perspective, requiring a wide-range frequency sweep and the use of a potentially hazardous redox couple (e.g. Fe(CN)~6~ ^3−/4−^) for measuring faradaic current. With the simplicity of measuring capacitance change between electrodes due to DNA-DNA hybridization between targets and probes, combined with low limit of detection (LOD) and high specificity, the results from this paper show that label-free capacitive biosensors have the potential as a baseline technology for low-cost, low-power, easy to use rapid detection POC platform ([@bib4]).

To date, capacitive biosensors developed for DNA/RNA classification and pathogen detection have focused on improving the electrode surface modification process, achieving better transducer sensitivity, and increasing detection circuit sensitivity and signal-to-noise ratio (SNR). [@bib1] reported a label-free capacitive detection method for DNA detection, and pushed the limit of detection down to 25 complementary DNA targets per µL. [@bib27] demonstrated the use of an inexpensive Al/Al~2~O~3~ hybrid electrode to achieve good sensitivity. [@bib16] elucidated a number of important details relevant to charge-based capacitance measurements, and provided insights into CMOS compatible implementation for integrated electronics. [@bib39] demonstrated a capacitive biosensor design with a detection range of 330 pF to 10 µF with good linearity. [@bib20] developed CMOS circuitry based on charge/discharge theory for detecting capacitive signals to demonstrate its ability to detect 2 nM of target nucleic acid from H5N1 Influenza viruses. [@bib36] achieved multiplexed detection using an interdigitated electrode array, with 25 pg/mL sensitivity to the complementary target. [@bib12] reported a bio-inspired artificial whisker to monitor fluid motion using capacitive sensing. [@bib19] proposed a capacitance detection method using Fourier transform infrared spectroscopy (FT-IR) at high frequency, and achieved a 1 ng/mL detection limit. [@bib45] demonstrated an ultra-sensitive read-out circuit for measuring capacitance changes capable of sub-fF detection limit.

However, even with more than a decade of progress in capacitive biosensor development, significant challenges remain. A number of studies ([@bib1], [@bib36]) reported poor sensor-to-sensor reproducibility. Non-uniformity of the self-assembled monolayer (SAM) and the covalently attached DNA probes on the sensor surface is a major contributing factor to poor sensor-to-sensor reproducibility. Sensor surface cleanliness greatly affects the uniformity of SAM layers ([@bib24]). Covalently attached ssDNA probes are largely affected by the presence of common contaminants in commercial thiolated DNA probes ([@bib20]). The lack of emphasis on electrode cleaning prior to assay functionalization may have also contributed to significant variations of the reported results. [@bib39] elucidated the importance of electrode surface cleaning in order to achieve uniform covalent binding of thiolated DNA probes. In addition, the total surface area of microelectrodes and the geometric relationship between two electrodes in a biosensor are other factors which directly affect sensor sensitivity and reproducibility, as measured capacitance output represents averaged values from all the fingers of the microelectrodes ([@bib17]).

Here, a label-free, affinity-based capacitive IDE sensor is developed for unamplified nucleic acid detection, with high sensitivity and reproducibility. The proposed platform technology uses capacitance changes resulting from the solid-phase hybridization of nucleic acid targets with ssDNA probes immobilized on microelectrodes as the means of detection and identification. A 24-nucleotide DNA probe and target set was designed based on the West Nile virus sequence (Kunjin strain) and was applied as a model for nucleic acid based viral recognition and detection on the proposed capacitive biosensor ([@bib40], [@bib31]). The process of DNA probe preparation for the biosensor has been optimized to include steps to minimize the effect of contaminants associated with commercial thiolated DNA probes. It is demonstrated here that this new biosensor produces an output of more than 70 nF in capacitance change in response to as few as 20 complementary DNA targets (0.25 attogram) at a concentration of \~1.5 aM. Due to the optimized cleaning process for the capacitive biosensor, including a pre-cleaning protocol, to improve covalent immobilization of purified single-stranded DNA probe oligomers onto the microelectrodes, the biosensor\'s reproducibility was improved compared to the reported results. In addition to the low detection limit, the biosensor showed a good dynamic range of detection from 1 µL^−1^ to 10^5^  µL^−1^ target molecules (20 to 2 million total targets), making it suitable for sample analysis in a typical clinical application environment. The capacitance results obtained in this study were verified using fluorescently labeled oligonucleotides on a fluorescence scanner. Capacitive affinity-based assays have long been considered highly sensitive ([@bib26]), but low specificity and reproducibility ([@bib1]) hinder further improvement in their sensitivity. The results presented in this paper provide a potential path for practical use of capacitive sensing technology for viral pathogen detection in clinical settings.

2. Materials and methods {#s0010}
========================

2.1. DNA oligonucleotides and reagents {#s0015}
--------------------------------------

Validated HPLC purified DNA oligonucleotides were purchased from Integrated DNA Technologies (IDT, Inc., Coralville, IA). The sequences for single-strand DNA (ssDNA) oligonucleotides were based on the sequence of the West Nile Kunjin strain (Genbank Accession \# [AY274504](ncbi-n:AY274504){#ir0005}) and were as follows:

DNA probe (Oligo 1):

5′-ThioMC6-D-TAGTATGCACTGGTGTCTATCCCT-3′

Complementary DNA target -- 100% complementarity (Oligo 2):

5′-AGGGATAGACACCAGTGCATACTA-3′

Noncomplementary DNA target (Oligo 3):

5′-GCAATATAGATAACGCCAGATGGC-3′

Probe and target DNAs were resuspended in 1$\times$TE-MgSO~4~ buffer (TE stands for Tris--HCI and EDTA), which contained 100 µM magnesium sulfate (MgSO~4~), 1 µM Tris-Hydrochloride (Tris--HCl) and 0.1 µM Ethylenediaminetetraacetic acid (EDTA), and were filtered through a 0.45 µm syringe filter (Millipore) prior to use. The 24-mer oligonucleotide DNA probe (Oligo1) was selected to form a stable duplex with its complementary target (Oligo 2) at room temperature, with minimal interference due to self-complementarity or secondary structure. The non-complementary target (Oligo 3) has 1 out of 24 base pairs complementary with oligo1 (4.16% complementarity).

For fluorescence detection, a second probe was generated that was 5′-thiolated (C6 propyl spacer) with a 3′-fluorescent Alexa Fluor 488 label (5′-ThioMC6-D/TAGTATGCACTGGTGTCTATCCCT/AlexF488N/-3′), while complementary and non-complementary targets were 5′-labeled with fluorescent Alexa Fluor 594 dye (5′-Alex594N/AGGGATAGACACCAGTGCATACTA-3′ or 5′-Alex594N/GCAATATAGATAACGCCAGATGGC-3′). The 11-Mercapto-1-undecanol (MCU) (97%; Sigma-Aldrich, St. Louis, MO) was dissolved in water and filtered through a 0.45 µm syringe filter (Millipore) prior to use. Potassium hydroxide (KOH) and hydrogen peroxide (H~2~O~2~, 30% w/w in H~2~O) (Sigma-Aldrich, St. Louis, MO) were used as received. Milli-Q water from Millipore (Billerica, MA) (18.2 MΩ cm) was used in all experiments.

2.2. Gold interdigitated microelectrodes sensor {#s0020}
-----------------------------------------------

Commercial gold coated IDE sensors were purchased from DropSens (Asturias, Spain). Each IDE has a finger width and spacing of 10 µm, with a total number of 125 fingers, a total electrode length of 6760 µm, and electrode surface area of 8.45 mm^2^. Titanium is present as an adhesive layer.

2.3. Capacitance measurement setup {#s0025}
----------------------------------

Capacitance measurement data were collected using the Instek LCR-821 benchtop LCR meter (New Taipei City, Taiwan), which interfaces with a PC for data acquisition. A graphical user interface (GUI) on the PC was used for sending command signals to the LCR meter. Since the measurement is obtained from non-faradaic current, a 0 V DC bias voltage was applied across the IDE sensor. A 20 mV root mean square (RMS) AC voltage with 20 Hz frequency was applied to the IDE sensors. All capacitance readouts were recorded under 20 µL of 100 µM 1$\times$TE-MgSO~4~ buffer on the interdigitated electrodes and 50 data points were collected per reading. Capacitance data were analyzed using Matlab (Mathworks) and statistical tests were carried out with $R$ ([www.r-project.org](http://www.r-project.org){#ir0010}). Only $p$\<0.05 values were considered as statistically significant.

2.4. Melt curve generation for buffer optimization {#s0030}
--------------------------------------------------

A CFX 96 Real Time system (C1000 Thermal cycler, Bio-Rad) was used to generate melt curves in order to follow DNA probe interactions with complementary and non-complementary target oligos through double stranded DNA (dsDNA) formation under different buffer types and concentrations. For each case fluorescence emission was detected every 5 s from 4 °C to 95 °C at 0.5 °C degree increments. The duplex (dsDNA) formation reaction was carried out under different buffer conditions, specifically, in 1 M and 100 mM 1$\times$TE-NaCl, and 1 mM and 100 µM 1$\times$TE-MgSO~4~. The DNA probe to DNA target ratio was fixed at 1:1 for 1 µg/µL oligos for all reactions. SYBR Green nucleic acid gel stain (Life Technologies, Carlsbad, CA) was included in all reactions as a real time indicator of the presence of dsDNA.

2.5. Pretreatment of the gold electrodes surface {#s0035}
------------------------------------------------

Upon exposure to ambient conditions the gold microelectrode surface is subject to a variety of uncontrolled conditions and contaminants, which can affect thiol reaction kinetics and therefore the probe attachment chemistry; because of this variability, a cleaning step is required immediately prior to functionalization. To prepare the surfaces, the chips with the gold microelectrodes were immersed in a solution of 50 mM KOH and 25% H~2~O~2~ for 10 min ([@bib14]), and thoroughly rinsed in Milli-Q water to remove the reagents, followed by oxygen plasma treatment. Baseline capacitance was recorded immediately following chemical cleaning and prior to plasma cleaning and probe immobilization.

2.6. Pretreatment of thiolated single-stranded DNA oligomers {#s0040}
------------------------------------------------------------

In order for thiol bond formation between the oligo and the gold surface to proceed as expected, the 5′ thiol-modified oligomers require a reduction of the disulfide bonds prior to application. Immobilized TCEP Disulfide Reducing Gel (Thermo Fisher Scientific, Waltham, MA) was washed several times with 100 µM 1$\times$TE-MgSO~4~ buffer prior to oligo addition in a 2:1 TCEP gel:oligo ratio, and the mixture was incubated for 1 h on a rocker platform at 23 °C. After incubation and a 1500 rpm spin for 2 min, the supernatant with reduced thiol-modified oligomers was transferred to a clean tube.

2.7. SH-modified DNA probe oligonucleotide immobilization {#s0045}
---------------------------------------------------------

Gold IDE sensors were plasma-cleaned for 5 min in an O~2~ Plasma Etch PE-25 (Plasma Etch, Carson City, NV, USA) at a pressure of 200 mTorr and 150 W applied to the RF coil immediately before DNA probe incubation. The 10 µM ssDNA probe solution was prepared in 100 µM 1$\times$TE-MgSO~4~ buffer, and the gold microelectrodes were immersed overnight (15--17 h) in 30 µL of the solution, then rinsed copiously with 100 µM 1$\times$TE-MgSO~4~ buffer and Milli-Q water, and dried with N~2~. The IDE sensors were then passivated with 20 µL MCU (5 µM in water) for 45 min to fill vacant gold sites and promote linear orientation of the ssDNA probe molecules. After MCU passivation, the electrodes were rinsed with water and dried with N~2~. All reactions were carried out at 23 °C.

2.8. DNA target hybridization {#s0050}
-----------------------------

The IDA sensors were immersed in 20 µL target DNA solutions for 30 min at room temperature, at target concentrations ranging from 1 µL^−1^ to 10^5^  µL^−1^ in 100 µM 1$\times$TE-MgSO~4~ buffer. Following incubation, electrodes were copiously rinsed with 100 µM 1$\times$TE-MgSO~4~ buffer and dried with N~2~.

2.9. Fluorescence scanning {#s0055}
--------------------------

Gold IDA sensors were scanned using a FLUOstar Omega fluorescence scanner (BMG LABTECH, Cary, NC). Fluorescent Alexa Fluor 488 and Alexa Fluor 594 signals from the sensors were quantified and analyzed using the FLUOstar Omega software against experimental controls. The paired *t*-test was used for statistical analysis and only $p$\<0.05 values were considered to be statistically significant.

3. Results and discussion {#s0060}
=========================

3.1. Measurement setup {#s0065}
----------------------

The experiments carried out using the functionalized IDE sensors focus on quantifying the key sensor performance metrics of sensitivity and selectivity. To obtain these data, capacitance values of the IDE sensors were measured at four different stages of the sensing process:1.Cleaned bare gold electrode surfaces. The initial cleaning step was always applied to provide a baseline capacitance response.2.Electrodes after covalent attachment of thiolated ssDNA probes. The layer of immobilized DNA probes has the intrinsic ability to capture complementary single-stranded target oligonucleotides.3.Electrodes after incubation with MCU. The measured capacitance at this stage is with the presence of buffer without any target DNA present in the buffer. The MCU is used to block any remaining unoccupied sites on the sensor surface and to align the probes perpendicular to the sensor surface in order to improve hybridization efficiency ([@bib18]).4.Electrodes after incubation and hybridization with ssDNA targets, both complementary and non-complementary.

Capacitance between IDE pairs was obtained by applying a 20 mV RMS AC voltage with a fixed frequency (stimulus) and by measuring the resulting current through the sensor IDE pair (response). The measurements of capacitance with the bare clean electrodes and with immobilized probes are mainly intended for verifying the state of probe immobilization. Unless otherwise stated, the change in capacitance after hybridization with either complementary or non-complementary targets is referred to as the difference between the capacitances before and after hybridization (i.e. capacitance difference between stage 3 and stage 4).

[Fig. 1](#f0005){ref-type="fig"}A shows a schematic of the IDE sensor and [Fig. 1](#f0005){ref-type="fig"}B--E show the equivalent circuits for stages 1, 2, 3, and 4, respectively. The quantity $R_{\mathit{sol}}$ is the intrinsic buffer solution resistance; $R_{\mathit{leak}}$ is an equivalent resistance representing a leakage current going through the electrode-electrolyte interface; $C_{\mathit{dl}}$ is the double layer capacitance created between the IDEs and adjacent buffer ([Fig. 1](#f0005){ref-type="fig"}B) resulting from the applied voltage; and $C_{\mathit{geo}}$ is the geometric capacitance which depends on the geometry of the electrodes and their configuration, which may be negligible relative to the double layer capacitance ([@bib39]). The quantity $\bigtriangleup C_{dl,probe}$ is the amount of change in double layer capacitance after probe immobilization, and is different from $C_{\mathit{dl}}$ because the ssDNA attachment modifies the surface capacitive characteristics of the electrodes. The additional double layer capacitance $\mathrm{\Delta}C_{\mathit{dl},M}$ results from incubation with MCU, and $\mathrm{\Delta}C_{\mathit{dl},T}$ is the double layer capacitance change due to target hybridization.Fig. 1Equivalent circuit models on interdigitated electrode (IDE) sensors. (A) Bare IDEs with multiple fingers. (B) Equivalent circuit model for bare IDE sensors. (C) Equivalent circuit model after probe immobilization. (D) Equivalent circuit model after MCU incubation and before target hybridization. (E) Equivalent circuit model after target hybridization for complementary targets.Fig. 1

Because the MCU blocking agent acts as an insulation layer that pushes mobile ions away from the electrode into the solution, the total double layer capacitance is expected to decrease after the MCU step in stage 3. Similarly, after incubation and hybridization with the complementary and non-complementary target DNA in stage 4, the resulting duplex structures should act to repel additional ions away from the electrode surface, resulting in further decreases in the double layer capacitance. These behaviors are illustrated in [Fig. 1](#f0005){ref-type="fig"}C and D, where the sequential decreases in total double layer capacitance after the MCU and target incubation are denoted by $\mathrm{\Delta}C_{\mathit{dl},M}$ and $\mathrm{\Delta}C_{\mathit{dl},T}$ in a series configuration, and connected to the baseline double layer capacitance, $C_{\mathit{dl}}$.

3.2. Effect of buffer composition and temperature on hybridization {#s0070}
------------------------------------------------------------------

The specificity of an ssDNA probe is a critical factor that governs the performance characteristics of the biosensor, and which depends in part on electrolyte salt composition, concentration, and temperature. Two widely used salt buffers, each at two different ionic concentrations, 1 M and 100 mM 1$\times$TE-NaCl, and 1 mM and 100 µM 1$\times$TE-MgSO~4~, were tested to quantify their effect on the degree of hybridization between the probe and complementary and non-complementary targets. Intercalation of the planar SYBR Green fluorophore into dsDNA increases its fluorescence emission dramatically, allowing detection of dsDNA by monitoring fluorescence intensity. SYBR Green fluorescence intensity in RFU (Relative Fluorescence Unit) in the presence of 24-base synthetic probe and complementary/non-complementary targets with increasing temperature is shown in [Fig. 2](#f0010){ref-type="fig"}A, illustrating double stranded DNA (dsDNA) formation due to DNA probe-target interactions in different buffer conditions and within 4--95 °C temperature range. As temperature increases, dsDNA concentrations decrease resulting in decrease in SYBR green fluorescence intensity. To understand the effect of buffer composition on hybridization specificity, fluorescence intensity differences between complementary and non-complementary targets in each buffer type within the temperature range from 4 °C to 95 °C are shown in [Fig. 2](#f0010){ref-type="fig"}B. Non-complementary target RFU background seen in the melt curve assay, especially at the lower temperature range ([Fig. 2](#f0010){ref-type="fig"}A), can be attributed to two factors. First, lower temperatures favor non-complementary binding and specificity of duplex formation is increased with an increase in reaction temperature. Second, the conditions with very high target and probe oligo concentrations enhance the formation of primer dimers which contributed to higher SYBR Green signal at the beginning of the assay in the non-complementary target samples.Fig. 2Effect of different buffers on DNA hybridization. (A) SYBR Green fluorescence in the presence of complementary (solid line) and non-complementary (dashed line) targets incubated with 24-base ssDNA probe in 1 M 1$\times$TE-NaCl buffer (black), 100 mm 1$\times$TE-NaCl buffer (red), 1 mM 1$\times$TE-MgSO~4~ buffer (blue) and 100 µM 1$\times$TE-MgSO~4~ buffer (green) within temperature range from 4 °C to 95 °C. (B) Corresponding relative fluorescence change between the complementary and non-complementary targets in four different buffers. The black dashed box indicates the temperature used in all the experiments. RFU=Relative fluorescence units. (For interpretation of the references to color in this figure legend, the reader is referred to the web version of this article.)Fig. 2

For three of the four buffers tested, the specificity increased with temperature up to 45 °C with the trend reversing at temperatures above 45 °C, except for the 100 µM 1$\times$TE-MgSO~4~ buffer. The specificity from using the 100 µM 1$\times$TE-MgSO~4~ buffer decreased with temperature up to 23 °C, but it is still better than that for all other three salt buffers up to 45 °C. For each salt type the specificity increased with decreasing ionic concentration, and this behavior is consistent with other results reported in the literature ([@bib34]). At the temperature used for all subsequent hybridization studies (23 °C) the 100 µM 1$\times$TE-MgSO~4~ buffer demonstrates the best hybridization specificity. While low ionic concentrations are beneficial, in general, for achieving high specificity, a potential downside is that a low concentration of monovalent cations may hinder ssDNA probe immobilization on the IDE sensor surface ([@bib34]). The negatively charged DNA phosphate backbone, coupled with low cation concentration, may result in unacceptable electrostatic repulsion effects. However, the cation valence has a larger effect on probe immobilization than its concentration, so that bivalent cations, such as Mg^2+^, can mitigate the repulsion effect, and therefore result in a higher density of immobilized probes on the IDE sensor surface ([@bib34]). Furthermore, low ionic concentration serves to reduce measurement interference from the leakage current that often occur due to sodium deposits on the sensor surface. Overall, the 100 µM 1$\times$TE-MgSO~4~ buffer was found to be the best compromise of composition and concentration to achieve high hybridization specificity without compromising ssDNA probe immobilization, and it was used as the electrolyte buffer for all remaining experiments.

3.3. Optimization of stimulus signal frequency {#s0075}
----------------------------------------------

The amount of change measured in double layer capacitance due to target binding is strongly dependent on the frequency of the stimulus AC signal. Since the double layer capacitance at the electrode-electrolyte interface is established due to the displacement of mobile ions in the fluid, it is expected that increasing the stimulus signal frequency will result in gradual disappearance of the double layer capacitance ([@bib17]). To gain a better understanding of the sensor\'s response characteristics as a function of the stimulus signal frequency, a 20 mV RMS AC voltage is applied at three separate frequencies (20 Hz, 100 Hz and 1 kHz). Capacitance values for all four stages were measured for all three frequencies. The results shown in [Fig. 3](#f0015){ref-type="fig"}A verify changes in capacitance due to probe immobilization compared to the bare clean electrodes (marked as "control" in [Fig. 3](#f0015){ref-type="fig"}A). The results in [Fig. 3](#f0015){ref-type="fig"}B illustrate that changes in capacitance before and after hybridization decrease with increase in operating frequency. To maximize sensor sensitivity, 20 Hz was used as the operating frequency for all remaining experiments.Fig. 3Frequency effects on capacitance during each step of sensor preparation/usage. (A) Changes in capacitance after probe immobilization at 20 Hz, 100 Hz, and 1 kHz frequencies. (B) Changes in capacitance after complementary and non-complementary (control) target hybridization at 20 Hz, 100 Hz, and 1 kHz frequencies.Fig. 3

3.4. Immobilization of oligonucleotides probes on sensor surface {#s0080}
----------------------------------------------------------------

A protocol for deposition of 5′ thiol modified ssDNA probe molecules onto the gold IDE surface and passivation of the IDE surface was established. ssDNA immobilization can be significantly affected by the condition of the IDE surface, the incubation time of 5′ thiol-modified ssDNA with the gold surface, and the concentration of ssDNA. In general, the cleaner the IDE surface the better thiol-modified molecules will attach to the gold surface ([@bib47]). The IDE sensor surface was cleaned with the protocol described in [Section 2.5](#s0035){ref-type="sec"} and treated with oxygen plasma to promote ssDNA immobilization. In addition to surface cleanliness, ssDNA immobilization is also determined by time the thiol modified ssDNA is in contact with the gold surface. In general, twenty-four hour incubations are required to reach the saturation point for 1 µM ssDNA immobilization in 1 M salt conditions, and further exposure results in little additional adsorption ([@bib18]). For ssDNA probe concentrations ranging from µM to mM, a surface density in the order of 10^3^  cm^−2^ can be obtained after four hours of incubation ([@bib17]). In order to maximize sensor functionalization and the number of probes present on the functionalized sensor based on our previous work ([@bib9]), overnight incubation was chosen for the 10 µM 5′ thiol-modified ssDNA probe in our experiments. Probe concentration was set in the µM range based on previous work on the gold electrode DNA biosensors ([@bib9]) and was further optimized with additional chemical and plasma oxygen cleaning steps to maximize sensor coverage and target capture in 100 µM 1$\times$TE-MgSO~4~ buffer. To validate 5′ thiol-modified ssDNA immobilization on the IDE sensor surface, capacitance measurements were obtained from 3 individual sensors after overnight ssDNA probe incubation, but before passivation with MCU. [Fig. 4](#f0020){ref-type="fig"}A demonstrates a statistically significant difference (*p*\<0.01) between the average capacitance measurements before and after probe immobilization, indicating that ssDNA probe was immobilized on the IDE surface. To further validate the capacitance results, AlexF488N labeled ssDNA probes were immobilized on IDEs as a complementary assay to monitor probe deposition. Total IDE fluorescence intensities were obtained before and after probe immobilization ([Fig. 4](#f0020){ref-type="fig"}(B)), showing that incubation with fluorescent ssDNA probe resulted in a significant increase in fluorescence on the IDE (*p*\<0.01) similar to what was observed by capacitance measurements.Fig. 4Validation of probe immobilization on IDE sensors. (A) Capacitance measurements before and after probe immobilization. (B) The fluorescence intensity before and after probe immobilization. \*\* paired *t*-test: p\<0.01.Fig. 4

3.5. Specificity {#s0085}
----------------

After probe immobilization and MCU incubation, specificity tests of complementary and non-complementary DNA targets were conducted. The rate of DNA hybridization is dependent on DNA length, with shorter duplex regions showing higher hybridization rates ([@bib29], [@bib40]). Based on the 24-base DNA target used in the experiments, target incubation was set for 30 min at room temperature (23 °C). AlexF594N labeled complementary and non-complementary targets with the concentration of 10^5^  µL^−1^ in 20 µL of 100 µM 1$\times$TE-MgSO~4~ buffer were incubated with the probe immobilized IDE surface, and excess target DNA was washed off. The average capacitance of sensors incubated with complementary and non-complementary target DNAs with the standard error of three individual sensors are shown in [Fig. 5](#f0025){ref-type="fig"}A. Non-complementary target DNAs did not induce a significant capacitance change, whereas complementary DNA induced a large capacitance change in the sensor. This is further validated using fluorescent target capture on the sensor surface ([Fig. 5](#f0025){ref-type="fig"}B). Decreased capacitance on IDE surfaces upon target binding has been previously reported in the literature. When ssDNA probes are immobilized on the IDE surfaces, the double layer of ions due to the polarized metal surface are displaced ([@bib1]). When complementary DNA strands bind with the probes, the distance between the charge on the surface of the electrode and the ions in the electrolyte increases, resulting in decreasing in the overall capacitance ([@bib1], [@bib17]).Fig. 5Specificity of target hybridization. (A) Capacitance measurements before and after complementary and non-complementary target hybridization. (B) Fluorescence intensity before and after complementary and non-complementary target hybridization. \*\* paired *t*-test: p\<0.01; \* paired *t*-test: p\<0.05.Fig. 5

3.6. Sensitivity {#s0090}
----------------

To determine the sensitivity of the sensor, DNA concentrations between 0 and 2 million molecules, consistent with the range seen in typical clinical settings, were incubated on the sensor and capacitance was determined ( [Fig. 6](#f0030){ref-type="fig"}). Complementary target DNAs displayed a significant capacitance change as few as 20 DNA molecules, whereas non-complementary DNAs did not significantly change capacitance even at 2$\times$10^6^ molecules. For target concentrations between 20 and 2 million DNA molecules, complimentary targets showed a linear response in capacitance change with increasing target concentration, indicating an excellent correlation between low-range target concentrations and capacitance responses. These results demonstrate that the label-free capacitive detection limit for the complementary targets is at least as low as 20 DNA molecules (\~1.5 aM). Increasing complementary target concentrations increased capacitance changes, whereas increasing non-complementary DNA concentrations did not significantly increase capacitance. There have been a number of ultra-high sensitive biosensors reported to date which achieved limits of detection similar to the results presented in this paper. Most of these ultra-high sensitive approaches relied on novel amplification methods using nano-materials, such as nano-particles ([@bib22]) and quantum dots ([@bib37]). Other approaches using nano-structures include the use of a novel molecular gate structure with carbon-nanotubes to control sensor\'s conduction state ([@bib30]), the use of carbon nanotubes (CNTs) as a highly conductive agent to enhance redox current sensitivity ([@bib28]), and the use of CNTs combined with Au nano-particles to increase sensor surface area ([@bib43]). However, these approaches incur additional costs related to additional sample preparation for nano-materials and amplification, and nano-scale device manufacturing. The biosensor presented in this paper achieved a high sensitivity comparable to those achieved using nano-materials for amplification and other enhancements, thus lowering the cost and simplifying sample processing and device manufacturing requirements.Fig. 6Capacitance response from 0 to 2×10^6^ complementary (red line) and non-complementary (black line) DNA targets. (For interpretation of the references to color in this figure legend, the reader is referred to the web version of this article.)Fig. 6

4. Conclusion {#s0095}
=============

In this paper, a capacitive biosensor with high sensitivity and a wide dynamic detection range is presented. The carefully designed protocol for sensor surface preparation, probe immobilization, and hybridization strikes a balance among the competing factors of ease of immobilization, specificity, and the overall capacitance measurement quality. The reported biosensor improves the state of the art on three fronts. First, the sensor was able to produce an output of more than 70 nF in capacitance change in response to as few as 20 complementary DNA targets (0.25 attogram) at a concentration of \~1.5 aM. The magnitude of capacitance change increases linearly with complementary target concentration in the range between 20 and 2 million target DNA molecules. The detection limit of this biosensor is among the lowest reported to date for a non-faradaic capacitive biosensor. Second, sensor specificity is clearly demonstrated by the capacitance change differential between complementary and non-complementary target binding. For non-complementary ssDNA target molecules, the measured change in capacitance is significantly less than that for the complementary ssDNA target and does not display an appreciable change in capacitance with non-complementary molecule concentration increases. Third, the sensor achieved a dynamic range for detection between 1 µL^−1^ and 10^6^  µL^−1^ target molecules (20 to 2 million target DNA molecules) with excellent linearity in the measurement of capacitance changes. Combining its performance in sensitivity, specificity, and dynamic detection range, this capacitive biosensor demonstrates the potential to be a viable technology for low-cost, low-power, ease of use, and rapid detection technology that is a critical step toward POC pathogen detection. Areas where further investigations can provide more optimized conditions for the capacitive biosensor include optimized incubation time to decrease time for sample analysis. Furthermore, future development of this capacitive biosensor includes detection of viral nucleic acids (DNA and RNA) from complex biological samples, as well as platform multiplexing, with the ultimate goal of developing a POC device for rapid and multiplexed diagnosis of viral infections in clinical and field settings.
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